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The activation of the neck musculature plays an important role in the response of the head and 
neck and can affect the risk of injury under impact conditions. Yet, the role of the level (i.e., magnitude) 
and timing of the neck muscle activation towards injury risk remains not well understood. Advanced 
finite element Human Body Models (HBMs) can predict the kinematic response of the head and neck 
upon impact, providing critical information to researchers and vehicle safety systems designers, but 
there is currently a lack of verified and validated schemes for neck muscle activation. This thesis 
focused on improving understanding of neck musculature activation by identifying optimized activation 
schemes for different impact scenarios using the 50th percentile male GHBMC contemporary finite 
element HBM assessed with experimental human volunteer impact test data. The HBM head-neck 
kinematics were evaluated for frontal, lateral and rear impacts over a wide range of accelerations, which 
represents novel information not found in the existing literature. The two main hypotheses were: (1) 
for different impact scenarios, the optimal muscle activation (OMA) schemes could be determined 
using the experimental volunteer kinematics, and (2) that a single muscle activation scheme could 
achieve a good correlation for all impact cases. 
The optimization results were assessed using volunteer data of 119 frontal impacts between 2g 
and 15g, 72 lateral impacts between 4g and 7g and 12 rear impacts between 3g and 4g. The frontal and 
lateral impacts data was collected from widely referenced studies with 16 volunteers, and rear impact 
data was collected from recent tests with 12 volunteers. No muscle activation data was recorded in the 
available experimental data; however, the studies presented kinematics of the head and first thoracic 
(T1) vertebra that were compared to the output of the computational HBM.  
The optimized muscle activation schemes improved the kinematic response for all impact cases 
(maximum average improvement of 35% for the frontal impacts) and could be used to elucidate the 
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influence of muscle activation and onset time in head kinematics in other impact severities and 
directions. A novel Cocontraction Muscle Activation (CMA) scheme presented good correlation with 
frontal (23% average improvement), lateral (17% average improvement) and rear (6% average 
improvement) impacts, confirming the hypothesis that a unique activation scheme could be used to 
achieve an improved correlation of HBM global head kinematics with the experimental data. 
Furthermore, this work identified that the rear impact simulations demonstrated less sensitivity than the 
other impact directions for different muscle activation schemes. The lower sensitivity could be 
attributed to the reduced force associated with flexor muscles, which were antagonistic to the head 
movement.  
In conclusion, the optimized muscle activation scheme helped contextualize the neck muscle 
activation level and onset time through the identification of the sensitive parameters to impact, and the 
CMA scheme provided overall good correlation in all impact directions. The results from this work 
will enhance computational HBM that may better inform and develop preventions of injury to the head 
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Chapter 1: Introduction 
1.1 Research Motivation 
Muscle activation affects the risk of injury to the neck, stiffening the spinal column when an 
internal or external load is applied to the body (Stemper and Corner, 2016). Muscle activation can 
broadly be described by the muscle activation level and the time of activation. In addition, dynamic 
movement and stabilization of the head-neck system are primarily controlled by activation of the 
cervical (neck) musculature enclosing the spinal column (Olszko et al., 2018). However, a more in-
depth understanding of muscle activation and its role in head and neck response during impact is 
needed. This knowledge is crucial to develop improved strategies to mitigate the large number of head 
and neck injuries, which occur annually from motor vehicle accidents. Neck and back strains and 
sprains are related to approximately 25% of the four million annual emergency room visits from motor 
vehicle traffic injuries in the United States (Albert and McCaig, 2015). 
The role of cervical muscle activation on head and neck injury risk in motor vehicle accidents 
has been investigated but has not been quantified. Stemper and Corner (2016) observed that cervical 
injury symptoms, time to recover, pain intensity and injury risk were reduced when a person subjected 
to a vehicle impact was pre-aware of the collision, indicating the importance of muscle activation in 
terms of bracing prior to impact (Hendriks et al., 2005; Sturzenegger et al., 2012). In contrast, other 
clinical studies have reported no correlation between injury symptoms and pre-awareness (Walton et 
al., 2013). Post-mortem human subjects (PMHS) and anthropometric testing devices (ATD) cannot 
represent physiologic muscle activation, creating challenges for vehicle safety tests that commonly use 
these methods to assess injury (Arbogast et al., 2009; Iwamoto, 2018; Stemper and Corner, 2016). As 
occupants in real crash scenarios could have their kinematic response altered by muscle activation, 
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vehicle safety tests may be limited when extrapolating post-mortem results to those of human 
volunteers (Albert et al., 2018).  
A number of experimental studies have investigated car and sled tests with volunteers in low 
severity (1g to 4g) autonomous braking and impacts (1g to 4g) and reported the effect of muscle 
activation on the response (Carlsson et al., 2010; Dehner et al., 2013; Fanta et al., 2013; Hedenstierna 
et al., 2009; Kumar et al., 2002, 2004a, 2004b; Mathews et al., 2013; Ólafsdóttir et al., 2013; Siegmund 
et al., 2007). Relevant conclusions have included an observed increase in the neck muscle activation 
during impacts, a higher angular head rotation for females during impacts, as well as challenges in 
terms of measuring muscle activation magnitudes using normalized electromyographic (EMG) data. 
Further, many of these studies have not reported important experimental boundary conditions (i.e., seat 
inclination, presence of headrest, etc.), making it difficult to reproduce the experiments in a simulation 
environment or to quantify the effects of muscle activation. 
A key experimental dataset containing higher severity volunteer impacts has been made 
available through the National Highway Traffic Safety Administration (NHTSA) database (“National 
Highway Traffic Safety Administration,” 2012). This work presented results from a series of sled tests 
with human volunteers, conducted by the Naval Biodynamics Laboratory (NBDL). The head and neck 
kinematic data were collected from 16 volunteers subjected to 119 frontal and 72 lateral impact sled 
tests (Thunnissen et al., 1995; Wismans et al., 1986). The experimental data was consistent for a range 
of impact levels, from 2g to 15g, owing to the restraint system used in the experiments. A limitation of 
the experimental data was that no measurements of the volunteer’s muscle activation were recorded 
during the impact tests, as well as no assessment of rear impacts. There is a scarcity of higher severity 
rear impact studies owing to volunteer injury risk. The limited data available for this impact scenario 
is primarily a series of 3g and 4g sled tests (Ono et al., 1997; Sato et al., 2014). These experiments used 
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12 human volunteers and did not incorporate a headrest in the seat. Similar to the NBLD database, no 
muscle activation was recorded during the tests. 
Computational Human Body Models (HBMs) can complement experimental data to assess 
injury risk during impact by helping fill knowledge gaps in areas difficult to gather experimental 
measurements.  Neck muscle activation has been examined in the Finite Element (FE) HBMs including 
the GHBMC, Royal Institute of Technology model (KTH), Japan Automobile Manufacturers 
Association model (JAMA), Total Human Model for Safety (THUMS), and simTK models (Brolin et 
al., 2005; Ejima et al., 2005; Iwamoto et al., 2012; Vasavada et al., 1998). A significant benefit of HBM 
is the potential to evaluate injury risk in complex impact scenarios without the ethical and practical 
challenges of human volunteers (Dibb et al., 2013). Considering contemporary HBM, only the GHBMC 
and THUMS models incorporate a combination of skin, adipose tissue, 3D passive muscles and active 
1D muscles. The soft tissues are relevant for the head and neck kinematics because of the increase in 
stiffness of the system resulting from these tissues. At present, active musculature models have focused 
only on a small number of lower severity events when validating against volunteer studies. Thus, there 
is a need for improved understanding of muscle activation schemes over a wider range of impact 
severities. 
In general, current active musculature implementations in HBMs use pre-defined activation 
parameters, also called open-loop control. However, these models could benefit from the automation 
of the activation parameters (closed-loop control) that could allow the models to adapt to different 
impact scenarios. This potential benefit has resulted in an increased interest in implementing these 
algorithms in the models (Östh et al., 2015). Still, many HBMs are calibrated only to specific 
experimental and loading cases due to the lack of electromyography data in high severity impacts (>8g).  
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To date, there has been no study analyzing the effects of active neck musculature over a range 
of low to high impact severities; although some studies have presented optimizations of the muscle 
activation for other scenarios (Dibb et al., 2013; Ivancic and Pradhan, 2017; Mortensen et al., 2018). 
The M50-O v4.5, 50th percentile, Global Human Body Models Consortium (GHBMC) HBM, used in 
the present study, includes 1D Hill-type elements representing the active portion of the muscles and 3D 
solid hexahedral elements with a hyperelastic material constitutive model representing the passive 
response of the muscle; however, the effect of various activation schemes of the neck muscles on the 
impact response has not yet been investigated. 
1.2 Research Objectives 
The overall objective of this thesis was to develop activation schemes for the cervical muscles 
to improve the resulting head kinematics of the model over a wide range of impact severities and 
directions. Within this objective, the main goals were to: (1) define optimal activation schemes for each 
impact scenario that maximized the correlation of head kinematics to experimental data and (2) identify 
a possible single muscle activation scheme that generated appropriate head kinematics for all impact 
cases. 
Based on the defined objectives, it was hypothesized that the muscle activation schemes could 
be optimized to approximate head kinematics of human volunteers in sled impacts by modifying the 
muscle activation level and timing of the model. In addition, based on known head reflex mechanisms, 
possible candidates of a unique activation scheme could be compared over a range of impact severities 
using the average correlation for all the impact severities considered in this study. Further, with this 
approach, the degree of influence of the activation variables on the head response could be obtained 
from the optimization process to better inform future studies of the effects of active muscle in impacts. 
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1.3 Thesis Organization 
Chapter 2 expands on the necessary background information, presenting information on 
cervical muscle properties such as anatomy, material properties, activation parameters, the Hill-type 
model implementation, and the 3D passive muscle in the model. Also, the available experimental data 
with human volunteers for impact studies are summarized in this section, including the startle response 
mechanism. Existing computational HBMs for the cervical spine with active musculature are also 
discussed. Chapter 3 describes the research methodology. The methodology includes the assessment of 
the muscle activation parameters in the literature, and the application of these parameters to the muscle 
groups. A series of pre-optimization simulations were undertaken, enabling the definition of the 
optimization procedure, and the optimized results were assessed through cross-correlation with the 
experimental data. Chapter 4 describes the results of the simulations for the different activation schemes 
in frontal, lateral and rear impacts, as well as the information obtained from the optimization process. 
Chapter 5 presents a discussion of the results, including a comparison of the muscle activation schemes 
with experimental data, relation to muscle reflex mechanisms and muscle activation schemes 
comparison. Chapter 6 presents the research conclusions, limitations and future research.  
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Chapter 2: Background  
2.1 Musculoskeletal Anatomy of the Human Neck 
2.1.1 Neck Anatomy and Motion 
The human neck comprises the cervical spine (ligaments, intervertebral discs and vertebrae), 
musculature, skin, and flesh (adipose tissue). The anatomy of the head and neck are described with 
respect to three reference planes: frontal, median and transverse (Betts et al., 2013) (Figure 2-1). The 
anatomical directions are used with the aforementioned anatomical reference planes to describe the 
location and motion of the body segments. The directions are the anterior, posterior, superior, inferior, 
lateral, medial, proximal, distal, superficial and deep (Betts et al., 2013).  
 




The motion of the head and neck can be classified as flexion, extension, lateral flexion, and 
rotation (Figure 2-2). The term flexion describes the anterior bending of the neck while extension 
describes the posterior bending of the neck. The lateral flexion describes the left and right bending of 
the head in the transverse plane, and rotation describes the left and right twisting movement in the 
frontal plane (Betts et al., 2013). 
 
Figure 2-2: Anatomical terminology of the head movements (Image from: (Schmitt et al., 2014)). 
The cervical spine is composed of seven vertebrae (C1to C7) in the inferior direction divided 
into the upper (C1 and C2) and lower (C3 to C7) cervical spine. The range of motion of the cervical 
spine for flexion is 80° to 90°, for extension is 70°, for lateral bending is 20° to 45°, and for axial 
rotation for each side is 90° (Swartz et al., 2005). The vertebrae are composed of the vertebral body 
anteriorly and by the vertebral arch posteriorly. The arch surrounds the vertebral foramen at the spinal 
cord location. The vertebral arch consists of a pair of pedicles and a pair of laminæ, and supports four 
articular processes, two transverse processes, and one spinous process (Figure 2-3). The C1 and C2 are 
different from the other vertebrae. The first vertebra (C1) has no vertebral body and no spinous process 
(Figure 2-4). A distinct characteristic of the second vertebra (C2) is the odontoid process or dens, which 





Figure 2-3: Top view of a typical vertebra with the main anatomical structures labelled (Image 
adapted from: (Gray, 1918)). 
 





Figure 2-5: View of the C2 vertebra with the main anatomical structures labelled (Image from: 
(Gray, 1918)). 
The C1 vertebra, also named atlas, allows for flexion and extension of the skull with the 
occipital condyle articulation. The articulation is restrained to rotation and lateral flexion due to the 
reduced space of the joint. The C2 vertebra, also named axis, is connected to C1 through the odontoid 
process and stabilized by the transverse, alar and apical ligaments (Swartz et al., 2005). The C1-C2 
articulations are not restricted to lateral bending and rotation. Further, the C1-C2 flexion and extension 
motions are often in the opposite direction of the atlas movement due to the geometry of the atlantoaxial 
articulation (Swartz et al., 2005). Another important fact is the upper cervical spine rotation coupling 
with extension, flexion and/or lateral bending. Similarly, the lower cervical spine vertebral rotation is 
always associated with extension, flexion and/or lateral bending because of the shape of the 
articulations. However, the lateral-flexion movement of the lower cervical spine is only possible with 
the rotation of the vertebrae while, in the upper cervical spine, it can occur without rotation (Swartz et 
al., 2005).  In summary, the movement in the cervical spine is complex, and the global motion of the 
head and neck does not necessarily reflect the action of the individual vertebrae in the cervical spine.  
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The muscles of the neck can contract and transmit force to the bones enabling motion of the 
neck. The muscles present sagittal symmetry and are often classified as flexors or extensors (Figure 2-
6). The grouping in flexors and extensors is a simplification since a single muscle can extend or flex 
the neck depending on posture and the action of other muscles. Muscles are hierarchical structures 
composed of groups of muscle fibres called fascicles; the muscle fibres are composed of parallel 
bundles of myofibrils, which consist of contractile units, sarcomeres, in series (Figure 2-7). 
 
 
Figure 2-6: A cross-section of the neck model at C5 showing the flexors in red and the extensors 




Figure 2-7: Muscle structure at different levels (Image from: (“Skeletal muscle,” 2019)). 
The direction of the force exerted by the muscle contraction takes place along the length of the 
muscle fibres and can occur along a straight line between the two points of insertion if the fibres. 
However, the muscle path may follow a curve due to ligament attachments and boney structures (Gray, 
1918).  
The maximum force exerted by a muscle is proportional to the number of fibres in the 
Physiologic Cross-Sectional Area (PCSA) (Figure 2-8), in other words, the perpendicular section 
crossing through the maximum number of fibres within a muscle (Gray, 1918). The number of fibres 
is also related to the volume of the muscles. For example, the sternocleidomastoid is the strongest flexor 
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in the neck, representing 43% of the volume of this muscle group, and the strongest extensor is the 
trapezius, which represents 44% of the size of the muscle group. 
 
Figure 2-8: The PCSA is presented in different muscles in green, and the anatomical cross-
sectional area is displayed in blue (Image from: (Gille, 2007)). 
2.1.2 Material Properties of the Neck Tissues 
There are many tissues that contribute to the mechanical response of the neck in impact 
scenarios, including the hard tissues or bones, cartilage, ligaments, intervertebral discs (annuli fibrosi, 
nuclei pulposi, ground substance), muscle, skin and adipose tissue. 
The hard tissues are classified as cortical or cancellous, according to the density and structure 
of the bone. Cortical bone has a high density and occurs as a thin shell around the vertebra in the neck 
(Martin et al., 2015). Cancellous or trabecular bone is found inside the vertebrae, and it is composed of 
slender filaments called trabeculae with spaces among them (Martin et al., 2015).   
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Both bone types are composed mainly of hydroxyapatite mineral  (Martin et al., 2015) with an 
organic matrix of collagen fibres (Cowin, 2001). The microstructure of the cortical bone is formed by 
formations called lamellae, composed of mineralized collagen fibres and by structures called osteons, 
composed by longitudinal blood vessels, lymphatic nerves, and loose connective tissue surrounded by 
rings of concentric lamellae connecting to the bone marrow and periosteum (Cowin, 2001). The 
trabecular bone microstructure is similar to the cortical bone, but it is arranged in filaments of lamellar 
bone with a characteristic orientation that defines the mechanical stiffness and strength of the material. 
The cancellous bone is anisotropic due to the directionality of the filaments. The trabecular bone has a 
behaviour that depends on time as most biological tissues, but it is highly heterogenic. The 
heterogeneity is resultant of a diversity of volume fraction, geometry and even tissue properties, varying 
the global material properties (Keaveny et al., 2001). 
The cortical bone presents a low ductility material stress-strain curve, and the peak stress (or 
its related bending moment) can be used to define the limits of the material before fracture initiates. 
The crack propagation is directly related to the microstructures of the bone. Where the osteons lengths 
are parallel to the length of the impacted region, the crack initiation and propagation occur in the 
direction of the osteons because the interface between these systems and the matrix creates a weaker 
path (Nalla et al., 2003). However, in the opposite case, the cracks are perpendicular to the short axis 
of the osteons (Nalla et al., 2003). The trabecular bone, although complex, also presents a simple way 
to determine failure as it exhibits a strong linear correlation between the maximum stress and the 
corresponding elastic modulus, suggesting that the failure strains for trabecular bone are relatively 
constant. Compression experiments with cadavers determined that the maximum strain for the failure 




 Ligaments connect two points in the body resisting tension forces. The experiments usually 
measure the force and corresponding ligament distraction and indicate three regions from no load to 
peak load: the toe region, linear region, and traumatic region (Figure 2-9) (Yang et al., 2018). In the 
first region, the stiffness increases as the folded collagen fibres are unravelled. In the second region, 
the stiffness can be considered constant as the straight fibres are parallel to the loading (Yang et al., 
2018). The last region presents a sudden reduction of the ligament stiffness as individual fibres tear 
gradually until the complete rupture of the ligament  (Yang et al., 2018).  
 
Figure 2-9: Example of ligament distraction curve (Image from: (Robi et al., 2013)). 
The average experimental curves were obtained by fitting data of a series of tests until the 
failure of the cervical ligaments. The tests measured the distance between the bone regions where the 
ligaments were inserted (distraction) while applying traction. From these tests, the average failure 
distractions could be defined for each ligament (Table 2-1) (Mattucci et al., 2012; Mattucci and Cronin, 
2015). 
Table 2-1: Failure criteria for the ligaments of the lower cervical spine. 
 Average failure distraction (mm) Standard deviation (mm) 











Anterior Longitudinal Ligament 3.8 3.3 4.2 2.8 2.2 3.3 
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Posterior Longitudinal Ligament 3.3 2.8 2.8 2.1 1.9 1.7 
Capsular Ligament 4.0 4.9 5.1 2.5 3.0 2.7 
Ligamentum Flavum 4.5 5.5 7.5 2.6 3.5 4.7 
Interspinous Ligament 5.9 6.6 8.1 3.4 3.4 4.1 
The complex structure of the IVD assists loading transmission and range of motion between 
vertebrae. It is comprised of the nucleus and annulus fibrosus. The nucleus is located in the center of 
the disk and can be considered elastic viscous fluid (Yang et al., 2018). The annulus surrounds the 
nucleus and is composed of a concentric lamina of fibres embedded in a homogeneous matrix called 
ground substance (Yang et al., 2018). The ground substance is made mainly of water and proteins, and 
a strain-energy function can represent the mechanical properties (Yang et al., 2018). The embedded 
annulus fibrosus can be represented by layers with an anisotropic elastic material model (Yang et al., 
2018). 
The skin and flesh are the superficial tissues that cover almost all the human body. The skin is 
composed of three regions: epidermis, dermis and hypodermis. The epidermis is the most superficial 
layer, and with the dense fibrous tissue of the dermis, form the cutis (Joodaki and Panzer, 2018). The 
third layer is the hypodermis, also called flesh in this thesis, composed mainly of adipose cells.  
The mechanical response of the skin is non-linear due to the heterogeneity of the constituents. 
Similar to the ligaments, the fibres are initially folded, and at tensile strains around 30%, they are 
straightened, highly increasing the stiffness (Joodaki and Panzer, 2018). For higher strains, the stiffness 
increases rapidly as more collagen fibres are straightened. Continuing increasing the strain will make 
the tissue reach a peak tension and gradually fail due to the fibres rupture. Skin also exhibits the 
relaxation behaviour characteristic of viscoelastic materials and, due to the direction of the fibres, 
anisotropy (Joodaki and Panzer, 2018). In a living person, the skin is normally in a state of tension, 
contracting when excised (Joodaki and Panzer, 2018). 
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2.2 Muscle Activation Theory and Modeling 
2.2.1 Passive Muscle Properties 
The mechanical behaviour of the sarcomeres and connective tissue penetrating the muscle are 
viscoelastic and isotropic, as expected for most biological tissues (Anderson et al., 2002; Bensamoun 
et al., 2006; Meyer et al., 2011; Toursel et al., 2002). In other words, the stress (σij) and strain ( 𝑘𝑙) 
relation depends on time (t). The mechanical behaviour of these passive tissues has been modelled 
using a linear-viscoelastic formulation as the Ogden Rubber (Equation 1) (Hedenstierna et al., 2008). 




The shear modulus G(t) in the formulation is obtained through relaxation curves (Figure 2-10) 
that are defined by the terms from the Prony series (Equation 2), which make this model a Maxwell 
fluid, which means it consists of dampers and springs in series (Livermore Software Technology 
Corporation, 2016). 
 
Figure 2-10: Relaxation of the shear modulus of the 3D passive element over time. 
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𝐆(𝐭) = ∑ 𝑮𝒊𝒆
−𝜷𝒊𝒕                                                                                                                                              𝒏𝒊=𝟏 (2) 
This implementation is isotropic, though the muscles are anisotropic due to the defined 
direction of the muscle fibres. Some anisotropic formulations have been studied; however, the current 
detailed HBMs implement that property with additional beam elements in the direction of the fibres or 
use only the isotropic material (Alizadeh et al., 2020; Khodaei et al., 2013). In addition, beam elements 
can be used as support to connect the muscles to the cervical spine, maintaining the physiological 
pathway of the contraction. 
2.2.2 Active Muscle Properties 
The contraction of a muscle is controlled by nerve impulses originating in the central nervous 
system and transmitted through motor neurons to the actuating cells. In response to this stimulus, the 
contraction is developed by the intracellular structure, called sarcomeres, through sliding filaments of 
actin and myosin parallel to the longer dimension of the muscle fibres. The actin filaments are thin and 
localized in a parallel array at the Z-disk, and the myosin filaments are thick and localized at the A-
band (Figure 2-11). The I-band is the region connecting two sarcomeres with the Z‐disk in its middle, 
the A-band connects myosin filaments between the I-bands, and the H-zone is the region without 
superposition between actin and myosin (Mukund and Subramaniam, 2020). The contraction of the 
sarcomere is produced by the conformational change of a chemical structure formed with myosin. After 





Figure 2-11: Sarcomere regions and contraction (Image adapted from:(Richfield, 2014)). 
The chemical structure of the sarcomeres has other proteins that are also relevant in 
understanding the mechanical characteristics of the muscle cells. Titin is an elastic protein that ensures 
an equal force is developed at both sides of the sarcomere extending from the Z-disk along the myosin 
filaments (Mukund and Subramaniam, 2020). The titin molecule is suggested to define the length and 
conformation of the myosin filaments, which is directly related to the passive and active properties of 
the muscles at a cellular level (Mukund and Subramaniam, 2020). The nebulin molecules display a 
similar function for the actin filaments (Mukund and Subramaniam, 2020). Myomesin, located at the 
M-band, is suggested to function as a strain sensor also related to the myocyte (muscle cell) contraction 
activation (Mukund and Subramaniam, 2020). Furthermore, other molecules like troponin and 
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tropomodulin are fundamental for the enzymatic reactions responsible for the movement of the 
structure of the sarcomeres (Mukund and Subramaniam, 2020). 
Experiments of stretching and shortening a muscle to different lengths were used to determine 
the relationship between muscle forces and lengthening  (Gasser and Hill, 1924; Gordon et al., 1966; 
Winters and Stark, 1985) (Figure 2-12). In the tests, an isometrically clamped fully activated muscle 
was released to determine the relationship between muscle force and velocity of contraction (Figure 
2-13). 
 




Figure 2-13: Contraction force in relation to the velocity of the contraction. 
The muscle can produce passive restorative force and active force. The first one is developed 
without activation by the material against stretching, and the other one is generated with activation, not 
directly related to the length, caused by the sliding filaments of the sarcomere. Another characteristic 
is that as the velocity of shortening increases, the resistance force decreases, because of the relation 
with the number of links between actin and myosin (Lee et al., 2011), which takes some time to connect. 
For example, when a muscle shortens with lower velocity, the higher number of connections produce 
more force. 
2.2.3 Hill-Type Active Muscle Model 
The Hill-type active muscle model is a widely used approach to model muscle activation and 
the resulting force. The model is based on the micro-structures responsible for the movement of the 
myocytes (cells), the sarcomeres. The Hill muscle model has been widely implemented in many 
commercial finite element codes, often for two-dimensional elements joining two points in a model, 
representing a muscle. 
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Three components form the Hill-type muscle representation (Figure 2-14): the series element 
(SE), the parallel element (PE), and the contractile element (CE). The SE represents the elastic 
behaviour of the sarcomeres and tendons, the PE represents the passive elasticity produced by 
connective tissue penetrating the muscle, and the CE represents the active contraction force (Lee et al., 
2011). 
 
Figure 2-14: Hill-type element (Imaged adapted from: (Hellmuth, 2010)). 
The resultant force produced by this model is the sum of the SE, and the serial effect of the PE 
or CE and the serial effect of PE (Equation 3). The resultant change in length is equal to the stretch in 
PE or the sum of the change in length in SE and CE (Equation 4). 
𝐅𝐟 = 𝐅𝐏𝐄 + 𝐅𝐒𝐄 = 𝐅𝐏𝐄 + 𝐅𝐂𝐄                                                                                                                            (3) 
lf=lPE=lSE+lCE                                                                                                                                                       (4) 
From the structure of the sarcomeres, it is possible to assume that the force generated by the 
contractile element has a maximum value, F𝑚𝑎𝑥. This value is reached when the neuronal activation, 
𝑎(𝑡), is 100%. Further, the force produced by the myocyte depends on the functions of the rate of 
contraction, 𝑔(𝜆?̇?), and the stretch (or length) of the fibre, 𝑓(𝜆𝑓), (Equation (5). The force of the PE is 
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based on a function of the stretch of the fibre, ℎ(𝜆𝑓), (Equation (6) and the force of the SE is a function 
of the length of the fibre and a non-dimensional quantity proportional to the strain of the contractile 
element, 𝑘(𝜆𝑓 , 𝛿𝐶𝐸) (Equation  (7). The  𝑔(𝜆?̇?), 𝑓(𝜆𝑓), ℎ(𝜆𝑓) and 𝑘(𝜆𝑓 , 𝛿𝐶𝐸) are functions or curves 
defined by experimental data. 
F𝐶𝐸 = F𝑚𝑎𝑥 . 𝑎(𝑡). 𝑓(𝜆𝑓). 𝑔(𝜆?̇?)                                                                                                                          (5) 
F𝑃𝐸 = F𝑚𝑎𝑥 . ℎ(𝜆𝑓)                                                                                                                                                 (6) 
F𝑆𝐸 = F𝑚𝑎𝑥 . 𝑘(𝜆𝑓 , 𝛿𝐶𝐸)                                                                                                                                         (7) 
2.2.4 EMG Measurement of Active Muscle Response 
 The neuronal impulses that activate the muscles cannot be measured directly; however, the 
electromyography (EMG) techniques are used to obtain information about the muscle response during 
specific movements providing indirect insight in the activation parameters. The EMG method measures 
the intensity of electric signals in the muscles through time. Surface electrodes placed on the skin or 
fine-wires inserted in the muscles can be used to measure the activation time when volunteers are 
subjected to external loads (Wittek et al., 2001). The measured signals are usually normalized to the 
maximum voluntary contraction (MVC) (Fice et al., 2018; Morimoto et al., 2013; Siegmund et al., 
2007). The signals obtained from the electrodes need to be modified to account for the thermal noise 
from the electronics and electrochemical noise at the interface of the electrodes (De Luca et al., 2010). 
In addition, the surface-mounted sensor methodology presents a limitation due to the necessity to 
remove artifacts related to low-frequency movements of muscle and other tissues relative to the skin  
(De Luca et al., 2010; Wittek et al., 2001). The fine-wire technique, on the other hand, produces signals 
that are not altered by high-pass filters with cut off frequencies, but it is rarely used in biomechanics 
due to the inconvenient application (Wittek et al., 2001). A study comparing both types of electrodes 
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indicated that the use of high-pass filtering can prevent motion artifacts from the EMG collected under 
impact conditions and that the reflex times obtained were similar for the two types of electrodes (Wittek 
et al., 2001). 
A study investigating EMG effects in superficial neck muscles contracting voluntarily in 
different directions showed that the forces, and therefore 𝑎(𝑡) (Equation 5), presented a small 
correlation to the signal obtained (Amell, 2002). As indicated by the author, the EMG can be used to 
indicate which muscle group is more active but cannot be used to precisely measure the activation level 
magnitude. Considering the limitations of the methodology, the onset times during impact tests with 
volunteers, of the cervical muscle groups, could be more accurately defined through EMG experiments. 
A review of several frontal and rear impact tests showed that the ranges of onset times are between 55 
ms and 99 ms with an average of 74 ms (Blouin et al., 2003; Foust et al., 1973; Hernández et al., 2006; 
Magnusson et al., 1998; Ono et al., 1997; Siegmund et al., 2002; Snyder et al., 1975). 
Other experimental studies in volunteers normalized the EMG data to the maximum voluntary 
contraction (MVC) and could be used to compare the activation scaling in HBMs. Two studies used to 
validate the muscle activation of the KTH neck model followed these criteria (Hedenstierna et al., 
2009). One was a low severity test conducted with three volunteers with deep muscle EMG that 
presented a sternocleidomastoid activation of 40% and a trapezius activation of 10% (Siegmund et al., 
2007). The other one was a low severity sled test conducted with ten volunteers with a superficial EMG 
that presented a sternocleidomastoid activation of 39% and a trapezius activation of 79% (Kumar et al., 
2003). It is worth noting that the EMG data is useful to inform onset times and muscle activation 
magnitudes, but the measurement of MVC always has some variability associated. The equipment 
noise, as well as the possibility of the MVC not representing the true maximum muscle activation 
possible, indicates the necessity of observing comparisons with this data with skepticism and the need 
for more experiments to obtain more comprehensive knowledge of muscle activation schemes. 
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2.2.5 Human Startle Response 
The startle reflex is initiated by sudden acoustic, tactile or vestibular stimuli, according to 
animal studies, and it generates a whole-body response, activating hundreds of muscle groups in a 
stereotyped way (Yeomans et al., 2002)  (Figure 2-15). Another characteristic of this response is the 
fast habituation after a small number of stimuli; the activation of the muscle groups is reduced, and just 
the eye blink reflex is recorded to remain (Siegmund et al., 2001b). Also, the startle reflex is facilitated 
and habituation is diminished if the subject is alerted before executing the movement (Siegmund et al., 
2001b). 
 
Figure 2-15: Startle response stereotyped movement (Image from: (Yeomans et al., 2002)). 
An experiment conducted with sequential sled rear impacts with volunteers (Blouin et al., 
2003) showed that during the first unexpected trials, all the subjects presented stereotypical kinematics 
and EMG responses. During the subsequent trials, half of the volunteers presented an increase in head 
extension, indicating habituation similar to the one predicted in the startle response. Also, different 
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responses were observed between aware and unaware subjects in other sled impact studies (Fanta et al., 
2013; Siegmund et al., 2003), which could be related to the pre-alert effect seen in a startle reflex. 
A series of studies were conducted with acoustic stimuli being used before sled impacts and 
voluntary movements (Mang et al., 2015; Siegmund et al., 2008, 2001b). Changes in muscle activation 
were observed due to the applied sound, pointing to muscle activation characteristics similar to the 
startle response. 
2.3 Experimental Impact Studies involving Human Volunteers 
A series of methods can be used to analyze the biomechanical response of the human body: 
human volunteers, PMHS, animals, ATD and mathematical models (Schmitt et al., 2014). ATDs and 
PMHS are usually used for sled impact studies but lack muscle activation. Therefore, human volunteers 
are necessary to observe muscle contributions during impacts (Siegmund et al., 2001a). Many impact 
studies using cars or sleds have been conducted with volunteers (Carlsson et al., 2010; Ólafsdóttir et 
al., 2013; Pramudita et al., 2007; van den Kroonenberg et al., 2010); however, to apply their conditions 
to a computational HBM well-defined boundary conditions are necessary. This can be challenging to 
obtain precise material properties of the seat or the restraint system from the available literature. For 
frontal, lateral and rear impact studies, the NBDL (Wismans et al., 1986) and Sato (Sato et al., 2014) 
sled tests with volunteers presented detailed information for the boundary conditions as well as the 
resultant head kinematics. 
2.3.1 Frontal Human Volunteer Sled Test Data 
Frontal impact studies were undertaken by the NBDL with human volunteers using a sled, with 
maximum accelerations ranging from 2g to 15g and having head kinematics as the main output. For the 
NBDL study, the head and T1 motions were recorded in three-dimensions using accelerometers and 
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high-speed photography for 119 frontal impact sled tests with 16 volunteers (Wismans et al., 1986). 
The short duration acceleration pulses (Figure 2-16 and Figure 2-17) were applied while the subjects 
had their movement restricted by shoulder straps, an inverted V-pelvic strap, a lap belt, upper arm and 
wrists restraints (Wismans et al., 1986).  
 




Figure 2-17: Average of the sled velocity for the 8g frontal impact. 
Three transducers, mounted in moulds made specifically for each subject, were applied in three 
locations to measure the accelerations during the experiments. The sensors were positioned in 
repeatable positions on the skin of the volunteers. One was directly above T1, another was in a 
mouthpiece, and the last one on the top of the head. The acceleration pulses were developed by a piston 
propulsion system (Ewing and Thomas, 1972). The obtained T1 acceleration data were subsequently 
corrected using information from the recorded highspeed film data for slipping of the sensor in some 
of the 14g and 15g cases (Thunnissen et al., 1995). The test data was made available by the NHTSA in 
an online electronic database (“National Highway Traffic Safety Administration,” 2012). The pointwise 
average of the T1 kinematics (Figure 2-18 and Figure 2-19) for each impact severity can be used as the 
boundary condition for the isolated head and neck system computational simulations as done previously 
in the literature (Fice et al., 2011; Panzer et al., 2011). The absence of headrest and previously 
mentioned constraints minimize the variables of the problem, making the average T1 kinematics 




Figure 2-18: Average velocity in the X direction of the T1 in the 8g frontal impact experiments. 
 
Figure 2-19: Average rotation of T1 in the Y direction for the 8g frontal impact experiments. 
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2.3.2 Lateral Human Volunteer Sled Test Data 
Lateral impact studies were undertaken by the NBDL with human volunteers using an 
acceleration sled, with maximum sled accelerations ranging from 4g to 7g, and having head kinematics 
as the main output. 
For the NBDL study, the head and T1 motions were recorded in three dimensions using 
accelerometers, similar to the frontal case, and high-speed photography for 72 lateral impact sled tests 
with 16 volunteers (Wismans et al., 1986). As the lateral and frontal tests were based on the same 
methodology, the short duration acceleration pulses (Figure 2-20 and Figure 2-21) were also applied 
while the subjects had their movement restricted by shoulder straps, an inverted V-pelvic strap, a lap 
belt, upper arm and wrists restraints (Wismans et al., 1986). 
 




Figure 2-21: Average of the sled velocity for the 7g lateral impact. 
The acceleration ranges made available by the NHTSA database were smaller than the frontal 
cases, but the absence of headrest and body constraints make the average T1 kinematics (Figure 2-22 





Figure 2-22: Average velocity in the Y direction of the T1 in the 7g lateral impact experiments. 
 
Figure 2-23: Average rotation of T1 in the X direction for the 7g lateral impact experiments. 
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2.3.3 Low Severity Human Volunteer Rear Impact Scenarios 
Rear impact studies were undertaken by the Ono and Sato with human volunteers using an 
acceleration sled, with maximum sled accelerations ranging from 3g to 4g and having head kinematics 
as the main output. 
For the Sato study, the head and T1 motions were recorded using accelerometers and high-
speed photography for 12 male volunteers (Sato et al., 2014). The sled was set in inclined rails and 
released from the top with a hydraulic damper in the lower portion generating the different decelerations 
(Ono et al., 1997) (Figure 2-24 and Figure 2-25).  
 





Figure 2-25: Average of the sled velocity for the 4g rear impact. 
Two biaxial accelerometers were mounted on a head rig fastened to the forehead and mouth, 
and a third biaxial accelerometer was positioned on the skin surface of the T1 process. Also, markers 
were placed at the auditory canal, the skin surface of the T1 process, upper sternum, and iliac crest for 
the video recording. The subjects were asked to relax, and no constraint system was placed as the 
backseat would hold the movement in the rear-impact, but no headrest was used. Again, the acceleration 
ranges made available were smaller than the frontal cases, but the absence of headrest and similar 
methodology make the average T1 kinematics (Figure 2-26, Figure 2-27 and Figure 2-28) obtained 
from these studies useful as boundary conditions for head-and-neck finite elements models. The 
characteristic S-shape curvature of the neck during rear impacts, when the neck extends while the upper 




Figure 2-26: Average acceleration in the X direction of the T1 in the 4g rear impact experiments. 
 




Figure 2-28: Average rotation of T1 in the Y direction for the 4g rear impact experiments. 
2.4 Computational Human Body Models 
For over four decades, computational HBMs of the neck have been developed to evaluate its 
tissue-level response (Yang et al., 2018). Generally, neck models consist of the cervical vertebrae, 
IVDs, ligaments and musculature (Yang et al., 2018). A group of well-recognized contemporary head- 
and-neck models are the models by Yang et al. (1998), Deng et al. (1999), Human Model for Safety 
(HUMOS), Meyer et al. (2004), Total Human Model for Safety (THUMS), University of Waterloo 
(UW) model, Osth et al. (2016) and the GHBMC (Yang et al., 2018). The first model was based on 
anatomical data from Magnetic Resonance Imaging (MRI) scans of a 50th percentile male volunteer 
and including T1 to C1 to T1 vertebrae, IVDs, ligaments, and muscles. The model from Deng et al. was 
based in detailed 3D anatomical data and presented only the ligamentous cervical spine, with no 
musculature. The HUMOS intended to design a more accurate model in a sitting position for injury 
evaluation during automotive impacts. Meyer et al. used a specific volunteer close to a mid-size male 
to develop a neck model. The THUMS was originally a 50th percentile male in a seated or standing 
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position to investigate the response of automotive occupants and has subsequently received many 
updates. The UW model presented vertebrae from T1 to C1, the skull and structural tissues. Osth et al. 
used Computed Tomography (CT) scan data to build a female ligamentous cervical spine model. The 
initial GHBMC model, designed to investigate automotive safety, was a 50th percentile male full body 
model with various anatomical regions being developed separately by different research groups across 
the globe. 
A literature review of 22 musculoskeletal models of the cervical spine (Alizadeh et al., 2020) 
showed that 16 were able to simulate dynamic conditions of head and vertebral bodies kinematics. All 
models presented straight muscle lines and 10 incorporated frictionless via-points to consider muscle 
curvature around the spine like the GHBMC model. Pre-defined activation curves were used in 14 
models with direct EMG curves being used in only three. The intervertebral disc stiffness, ligament 
forces, and facet contact were developed in independent structures, similar to the GHBMC model, only 
in 8 models. Also, the muscles of 18 models were implemented with Hill-type elements, and only three 
of the models incorporated passive muscle properties. In the GHBMC model, the active properties of 
the muscles were represented by one-dimensional Hill-type muscle elements and the passive properties 




Figure 2-29: 1D Hill-type active muscle elements and 3D passive muscle tissue elements in the 
GHBMC neck model. 
The GHBMC 50th percentile male full-detailed head-and-neck model can be extracted from 
the full human body model (Figure 2-30). The neck region included the muscles, vertebrae, ligaments, 
intervertebral discs and other soft tissues relevant to impact loading (Figure 2-30). The model was 
developed from MRI and CT scans of a living 26 years old adult with the anthropometrics of a mid-
size male (Yang et al., 2018) and validated with experimental data at the cervical spine level (Barker et 
al., 2017, 2014; Lasswell et al., 2017; Mattucci et al., 2012). It obtained a good validation performance 
to the head and neck (Fice et al., 2011; Panzer et al., 2011). A simplified head (Figure 2-30) without 
the brain is available in contrast to the full detailed head to reduce the computational cost when stresses 
in the encephalic tissue are not relevant for the analysis. The simplified head includes the same mass 





Figure 2-30: A) GHBMC 50th percentile male full human body model B) GHBMC 50th percentile 
male full detailed head C) GHBMC 50th percentile male simplified head 
The passive properties of the muscles were implemented in 3D elements using a hyperplastic 
Ogden material model with viscoelastic effects fitted to experimental data. The passive elements were 
connected to Hill-type beam elements modelled with the active properties of the muscles, because of 
that, the SE and PE were not used (Correia et al., 2020). Also, to replicate the contraction pathway of 
the muscles, the passive elements were connected to the bones through 1D attachments. 
Comparatively, the other models in the literature that incorporated musculature like the KTH, 
JAMA, THUMS, and simTK models (Brolin et al., 2005; Ejima et al., 2005; Iwamoto et al., 2012; 
Vasavada et al., 1998) did not incorporate a combination of skin, adipose tissue, 3D passive muscles 
and active 1D muscles like the GHBMC model, except for the THUMS model, which could change the 
stiffness of the head and neck system affecting the kinematics. Also, the active musculature models 




The formulation for the force generated by the 1D active muscle elements uses maximum stress 
instead of maximum force (Equation 8). Further, it can be observed that the contraction force is 
dependent on the physiological cross-sectional area of the muscle (PCSA).  
𝐹 = 𝜎𝑚𝑎𝑥 . 𝑃𝐶𝑆𝐴. 𝑎(𝑡). 𝑓(𝜆𝑓). 𝑔(𝜆?̇?)                                                                                                                 (8) 
The level of activation of these elements is specific for each situation and is related to the neuronal 
input of the muscles (Figure: 2-31).  
 
Figure: 2-31 Neuronal impulse and equivalent activation level curve for a 100 ms neuronal 
impulse starting at 74 ms. 
 
 40 
This neuronal input, u(t), was converted in the activation curve, 𝑎(𝑡), through two time-













                                                                                                               (10) 
The idealized neural input is necessarily between 0 and 1. tne and ta are time constants. When 
e(t) is higher than 𝑎(𝑡), the muscle is activating; in the opposite case, it is de-activating.  
The cortical bone of the vertebrae was modelled using shells with a piecewise plasticity model, 
and the trabecular bone was generated using solid elements also with a piecewise plasticity model. The 
ligaments were modelled using 1D beam elements with properties obtained in tensile experiments. The 
intervertebral discs were designed using anisotropic fabric elements to emulate the tissue fibres and 
Hill foam to represent the matrix similar to a composite. The synovial fluid was modelled as an elastic 
fluid material. The skin was modelled using shell elements with linear viscoelastic properties, and the 
flesh, as well as soft tissues beneath it, were modelled using solid elements with a simplified rubber 
material. The trachea and surrounding soft tissues were modelled as shell elements with a simplified 
rubber material based on tensile experiments of the throat. 
The computational head-and-neck model was validated with PMHS and volunteer experiments 
which included spine-level studies and sled tests. Quasi-static and high rate tests of tension, flexion and 
extension of the segments from C2 to T1, and the axial rotation from C0 to T1 were used to validate 
the segment levels while the full neck was checked against full neck tensile experiments (Elemance, 
2016). At the global level, the NBDL frontal and lateral impact test with volunteers (Ewing and 
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Thomas, 1972), and cadaver sled tests in rear impacts (Deng et al., 2000) were used to validate the 
global head-and-neck model (Elemance, 2016).  
2.5 Comparative Data Analysis through Correlation Ratings 
A commonly employed method to compare two data sets objectively is the correlation rating 
analysis implemented in the Correlation and Analysis (CORA) software developed by Partnership for 
Dummy Technology and Biomechanics. This methodology was successfully used to quantify 
differences between simulated and experimental data in movements of the full neck or segments of the 
cervical spine (Barker et al., 2014; Feller et al., 2016).  
The correlation rating methodology considers a user-defined weighted sum of a corridor rating 
(C) and a cross-correlation rating. The corridor rating is defined as an average of values given to each 
point in the simulated response curves. The values are between 0 and 1 based on the standard deviation 
of the experimental data. If it is inside one standard deviation, it is rated 1; if it is outside two standard 
deviations, it is valued as 0; and if it is between these corridors, it is a result of interpolation. 
The cross-correlation rating, on the other hand, was calculated as a weighted average of the 
response phase (P), shape (V) and size (G) (Figure 2-32). Commonly used weights are G_p = 0.25, G_v 
= 0.50 and G_g = 0.25 (Panzer et al., 2011; Vavalle et al., 2013). The responses are given the value of 
1 if they perfectly match the experimental curve, 0 if there is no overlap with the experimental curve 




Figure 2-32: Differences of phase (A) size (B) and shape (C) responses (Image adapted from: 
(Thunert, 2017)). 
The ISO/TR9790 defines a scale that can be used to classify the correlation ratings obtained by 
this methodology between excellent and unacceptable (Table 2-2) (Thunert, 2017). 
Table 2-2: Classification of the correlation rating. 







2.6 Muscle Activation Optimization 
One of the most common approaches to obtain muscle activation properties in HBM are through 
optimization methods. In a recent literature review (Alizadeh et al., 2020), muscle force and, indirectly, 
activation levels were predicted by inverse dynamics optimization in four different neck models. 
However, optimization techniques have also been used to directly obtain the activation of the muscles 
in static or dynamic activities in other HBMs (Östh et al., 2015).  
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The change in the constraints (possible values of the variables and outputs) of the optimization 
may drastically alter the outcome of the process. The definition of these values is challenging, and many 
researchers base their methodologies on objective functions like maximum force or total work produced 
by the muscle (Mortensen et al., 2018). However, the muscle response, when efficiency is not the main 
objective, has not been adequately explored (Mortensen et al., 2018). 
For the neck muscles specifically, a study optimized 22 cervical muscles activation properties 
and evaluated the response in gravitational and frontal impact loading conditions with results 
comparable to the experimental data (Dibb et al., 2013). Another study used a similar methodology 
derived from the previous study, a linear response surface optimization, to observe spatial tuning 
patterns on the head response in dynamic conditions (Ivancic and Pradhan, 2017). Although the 
methodology used in these studies improved the head response to the observed cases, no study was 
found to cover a broader look at the effects of muscle activation in different impact scenarios and 
severities. Therefore, a muscle activation optimization study encompassing many different scenarios 
bounded by the available experimental data was still necessary to help direct future research related to 




Chapter 3: Methods 
3.1 Methodology Overview 
The head-and-neck model was extracted from an average stature male HBM M50-O v4.5, 50th 
percentile, GHBMC. The neck model included detailed representations of the neck musculature, 
represented by passive 3D and active 1D Hill-type elements.  The T1 kinematics over a wide range of 
accelerations for frontal, lateral and rear volunteer impacts were applied to the T1 vertebra of the model 
and used in simulations with different muscle magnitude and onset times of muscle activation in a 
commercial FE software (LS-DYNA, LSTC, R.7.1.2, Livermore, CA). The head center of gravity 
kinematics from the simulations was compared to the experimental data through a correlation rating. 
After selecting the best intervals for each muscle activation parameter, optimization was carried for 
each impact case and the head kinematics were analyzed to verify possible trends and the hypothesis 
that one single activation scheme could produce reasonable kinematics for all the different acceleration 





Figure 3-1: Steps of the muscle activation optimization. 
For the volunteer experimental data, the frontal and lateral NBDL sled tests with volunteers 
previously mentioned were used to define the boundary conditions and the output head kinematics of 
the simulations. The frontal and lateral sled experiments were selected among other impact tests due to 
the volunteers being restrained firmly to the sled using a pre-tightened harness system. This was not 
 
 46 
necessary for the rear impact due to the seat back restraining the body. For the rear impact 
investigations, a study conducted with 12 male volunteers sled tests (Sato et al., 2014) was used to 
define the boundary conditions and the output head kinematics of the simulations.  For all three impact 
cases (frontal, lateral and rear), each subject volunteer was subjected to a controlled acceleration pulse 
of a specific magnitude and no headrest was used allowing for well-defined boundary conditions 
necessary to HBM. 
The head and T1 kinematics extracted from each experimental impact severity and direction 
were used to construct pointwise average curves and one standard deviation corridors (Figure 3-2).  The 
T1 kinematics were used as the boundary conditions in the simulated model and the head kinematics 
were used to verify the model response using correlation rating or MSE. 
 
Figure 3-2: Example of experimental average and standard deviation (corridors) for head 
rotation in 8g frontal impact. 
As the PCSA and material properties were already defined in the model based on previous 
studies (Panzer et al., 2011), the current analysis focused on the remaining muscle activation variable, 
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the activation curve. Considering constant neural input duration, two parameters needed to be 
determined: activation level and activation onset time. The overall shape of the activation level versus 
time curve (Figure: 2-31), during the impacts, was based on a neural input with 100 ms duration. This 
represented the time between experimental muscle activation onset time and time when the T1 
acceleration was reduced in relation to the peak acceleration (Panzer et al., 2011).  
3.2 Assessment of the Muscle Activation 
Complex motions of the head and neck vary based on the contributions of each individual 
muscle; different movements will result from varied intensity and timing for each muscle. Yet, this 
effect is poorly understood in terms of muscle activation magnitudes, specifically in high severity 
impacts and in deeper muscles. As such, a simplification of the neck muscles was required for 
implementation within the GHBMC neck finite element model. The muscles were grouped in four 
quadrants based on their position and functionality: right extensor, left extensors, right flexors, and left 
flexors (Figure 3-3). The strongest extensor (trapezius) and flexor (sternocleidomastoid) were selected 
as representative of the activation of each group for comparison with the literature, based on the 




Figure 3-3: GHBMC M-50 muscles grouped in quadrants.  
Table 3-1: Flexor and extensor muscle groups 
Muscle groups 
Extensors Flexors 
Oblique capitis inferior Longus capitis 
Oblique capitis superior Longus colli 
Rectus captis major Rectus capitis anterior 
Rectus captis minor Rectus capitis lateral 
Iliocostalis cervicis Anterior scalene 
Longissimus capitis Middle scalene 
Longissimus cervicis Posterior scalene 
Multifidus Sternocleidomastoid 
Semisplenius capitis Omohyoid 














3.2.1 Muscle Activation Schemes 
A number of muscle activation schemes have been previously identified. The scheme 
containing flexors and extensors 100% activated (Shen and Cronin, 2017) exists in the current GHBMC 
model, and it was defined as “Maximum Muscle Activation (MMA)”. Two additional activation 
schemes were also named: no muscle activation (NMA), containing extensors and flexors at 0% 
activated, and the Cocontration Muscle Activation scheme (CMA), corresponding to maintaining the 
head in a neutral posture. The NMA scheme could represent the response of PMHS or represent a lower 
bound activation scheme, while the CMA scheme was hypothesized to represent the reflex startle 
response in the model. The CMA scheme was obtained by an initial linear optimization for the extensor 
with a reduction of head movement to a minimum as the target when no impact was imposed in the 
model. Following the nomenclature of the other schemes, the activation obtained through optimization 
was called the Optimized Muscle Activation (OMA). 
3.2.2 Muscle Activation Onset Time 
The activation time range used in the muscle optimization was 55 to 99 ms, based on reported 
values for the sternocleidomastoid and trapezius in a series of rear impacts and frontal impacts sled 
tests conducted with volunteers (Blouin et al., 2003; Foust et al., 1973; Hernández et al., 2006; 
Magnusson et al., 1998; Ono et al., 1997; Siegmund et al., 2002; Snyder et al., 1975). In addition, the 
GHBMC M50-O neck muscles had a default activation onset time activation of 74 ms based on an 
average from literature. This default onset time activation was used when the pre-optimization studies 
were performed to determine the activation level range for the optimization. 
3.2.3 Muscle Activation Magnitude 
The neuronal signal was represented as a percentage of the maximum (100%), corresponding 
to the maximum activation level possible for a given muscle. The GHBMC M50-O neck muscles had 
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a default activation curve based on a neural input signal of 100% (Figure: 2-31). The activation level 
could be scaled by changing this percentage in the muscle groups in the model.  
Initially, data from frontal impact sled tests with recorded EMG muscle activity were reviewed.  
As the only direct activation data available used MVC and EMG data, which has limitations on 
representing activation magnitudes, a pre-optimization study was conducted to define the ranges of 
muscle activation levels used in the optimization.  
3.3 Pre-optimization of Muscle Activation for Impact Simulations 
Prior to the full optimization, some understanding of the sensitivity of the head-and-neck model 
to the activation magnitude and onset time parameters needed to be observed to better define the process 
constraints. The previous understanding is necessary due to the multitude of kinematics analyzed that, 
in combination with the number of variables, results in many possible solutions to the same problem. 
The unique solution was achieved by a pre-optimization study that consisted of impact simulations of 
the model with variations of the parameters for the different impact scenarios. The resultant head 
kinematics from the simulations were compared to experimental data and culminated in the exclusion 
of less sensitive parameters as well as enhanced clarity in the model behaviour. 
3.3.1 Frontal Impact Activation Parameter Investigation 
The frontal impact (Figure 3-4) was applied in the model as X linear velocity (Figure 2-18) and 
Y rotational displacement (Figure 2-19) of T1 extracted from the NBDL experiments for the 2g, 3g, 







Figure 3-4: Frontal impact optimization direction of the kinematic parameters. The displacement 
and acceleration in the green directions were the objectives of the optimization. 
A pre-optimization study was carried to define the range of muscle activation levels used during 
the optimization. Initially, the sensitivity of the kinematic response of the flexors was tested using 
frontal impact simulations with 2g, 8g, and 15g severities with this muscle group activation level 
varying from 0% to 100%, in intervals of 20%, and with a constant activation of the extensor muscles 
of 10%. This was necessary to test the hypothesis that, due to their location and low strength, the flexors 
would not affect the impact kinematics in frontal impact scenarios. 
The next step was to simulate frontal impact with 2g, 3g, 6g, 8g, 10g, 12g, 13g, 14g, and 15g 
varying the extensor activation levels from 0% to 100%, in intervals of 20%, maintaining the flexor 
muscles with the default activation of 100%. The MMA, CMA and NMA were also simulated for all 
the frontal impact severities and compared to the other activation schemes. 
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3.3.2 Lateral Impact Activation Parameter Investigation 
The lateral impact (Figure 3-5) was applied in the model as Y linear velocity (Figure 2-22) and 
X rotational displacement (Figure 2-23) of T1 extracted from the NBDL experiments for the 4g, 5g, 
6g, and 7g severities. 
 
Figure 3-5: Lateral impact optimization direction of the kinematic parameters. The displacement 
and acceleration in the green directions were the objectives of the optimization. 
Similar to the frontal case, a pre-optimization study was carried to define the range of muscle 
activation levels used during the optimization. Due to the higher complexity of this movement in 
comparison to the frontal impact, the flexors were not set to a constant activation value. Right side 
struck lateral impacts with 4g, 5g, 6g, and 7g were simulated using the MMA, CMA and NMA. These 
other activation schemes were selected after observing the response of the lateral impact without any 
activation and inferring what muscle groups would resist the movement. Also, these activation schemes 
were selected to observe the influence of varying only the extensors activation, similar to the frontal 
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impact. For this pre-optimization study, the muscles were divided into four groups right extensor, right 
flexors, left extensors and left flexors so a more detailed activation scheme could be obtained. 
3.3.3 Rear Impact Activation Parameter Investigation 
The rear impact (Figure 3-6) was applied in the model as X linear acceleration (Figure 2-26), 
Z linear acceleration (Figure 2-27) and Y rotational displacement (Figure 2-28) of T1 extracted from 
volunteer sled experiments for the 3g and 4g severities (Sato et al., 2014). It was necessary to use a 
different experimental data set as the NBDL data were conducted with PMHS which do not present 
muscle response and could not be used for analyzing the kinematic response to muscle activation. 
 
Figure 3-6: Rear impact optimization direction of the kinematic parameters. The displacement 
and acceleration in the green directions were the objectives of the optimization. 
Similar to the frontal case, a pre-optimization study was carried to define the range of muscle 
activation levels used during the optimization. The 3g and 4g impacts were simulated using the MMA, 
CMA and NMA. These other activation schemes were selected after observing the response of the 
lateral impact without any activation and inferring what muscle groups would resist the movement. 
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Also, the contraction activation schemes with 55 ms onset time for the flexors were simulated to observe 
the influence of changes in activation times. 
3.4 Optimization of Muscle Activation for Impact Simulations 
The neck model was optimized for three different loading scenarios (frontal, lateral and rear), 
by varying the muscle activation onset time and activation magnitude. The optimization was undertaken 
using commercial software (LS-OPT, R.5.2.1, LSTC, Livermore, CA) with a linear polynomial 
optimization method, D-optimal point selection and domain reduction (Figure 3-7). The optimization 
methodology was derived from other neck muscle optimizations presented in the literature (Ivancic and 
Pradhan 2017; Dibb et al. 2013). The models were solved using the commercial FE software and the 
resulting curves of head kinematics were analyzed during this process. The muscle activation time 




3.4.1 Optimization of Active Musculature for Frontal Impact Schemes 
 
Figure 3-7: Frontal impact optimization process based on the LS-OPT user interface. 
For the frontal impact, the optimization consisted of obtaining the combination of extensors 
activation level and onset time for each severity that produced the lowest average root mean square 
error (MSE) between the simulated kinematic response curves and the NBDL kinematic data. 
The variation for the extensors activation was based on the results from the pre-optimization 
study (Table 4-1). The kinematics assessed were the X-linear displacement, Y-rotational displacement, 
X-linear acceleration, and Y-rotational acceleration for each of the simulations inside each optimization 
iteration. The optimization was considered converged when the average of the MSE values varied less 
than 1%. 
3.4.2 Optimization of Active Musculature for Lateral Impact Schemes 
The lateral impact optimization, using a similar procedure of the frontal activation, consisted 
of obtaining the combination of unique activation levels and onset times for each one of the four muscle 
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groups (right extensors, left extensors, right flexors, and left flexors) for the 4g and 7g severities that 
produced the lowest average MSE between the simulated kinematic response curves and the NBDL 
kinematic data. For the other impact severities, the parameters were interpolated and simulated.  
The variation for the muscle group activations was 0 to 100%. The kinematics assessed were 
the X-rotational displacement, Y-rotational displacement, Z-rotational displacement, X-rotational 
acceleration, Y-rotational acceleration, and Z-rotational acceleration for each of the simulations inside 
each optimization iteration. The optimization was considered converged when the average of the MSE 
values varied less than 1%.  
3.4.3 Optimization of Active Musculature for Rear Impact Schemes 
The rear impact optimization, similarly to the frontal optimization process, consisted of 
obtaining the combination of unique activation levels and onset times for each one of two muscle groups 
(extensors and flexors) for the 3g severity that produced the lowest average MSE between the simulated 
kinematic response curves and the experimental kinematic data. 
The response was not sensitive to changes in onset time and both muscle groups were set to 
start activating at 74 ms. The variation for the extensors and flexors activation was 0 to 100%. The 
kinematics assessed were the X-displacement and Y-rotational displacement for each of the simulations 
inside each optimization iteration. The accelerations were not considered as the Y-rotational 
acceleration was not present in the experimental data and adding the X-acceleration to the analysis 
could bias the optimization in this direction. The optimization was considered converged when the 
average of the MSE values varied less than 1%. 
3.5 Assessment of Model Response using Correlation Rating 
During the pre-optimization and optimization studies, the correlation of the kinematic results 
with the experimental data was obtained using a correlation rating software (CORA, Partnership for 
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Dummy Technology and Biomechanics, R. 3.6.1, Germany). For the frontal case, the parameters 
identified from the pre-optimization study to calculate the correlation rating were the X-linear 
displacement, Y-rotational displacement, Z-linear displacement, X-linear acceleration, Y-rotational 
acceleration and Z-linear acceleration. For the lateral case, the parameters identified from the pre-
optimization study to calculate the correlation rating were the X-linear displacement, Y-rotational 
displacement, Z-linear displacement, X-linear acceleration, Y-rotational acceleration and Z-linear 
acceleration. For the rear case, the parameters identified from the pre-optimization study to calculate 
the correlation rating were the X-linear displacement, Y-rotational displacement, Z-linear 
displacement, X-linear acceleration and Z-linear acceleration. There were more kinematics used in the 
correlation analysis for frontal, lateral and rear were than used in the optimization, so the study response 
could be accessed more broadly and certified if it was improving the overall response, not only the 
main ones. 
The final correlation rating was calculated as an average of the individual scores for each 
kinematic parameter (Equation (11). These individual scores considered a corridor rating (C) and a 
cross-correlation rating with equivalent weights.  The corridors were defined as one and two standard 
deviations from the experimental data. The cross-correlation rating, on the other hand, was calculated 
as a weighted average of the response phase (P), shape (V) and size (S). Their respective weights were 











Chapter 4: Results 
4.1 Frontal Impact Muscle Activation Strategy and Comparison to 
Experimental Data 
4.1.1 Kinematic Sensitivity to Flexor Muscle Activation 
A set of initial simulations were conducted to identify the sensitivity of the model to the flexors 
activation with their level varying from 0% to 100%, maintaining the extensors with constant low 
activation. The simulations indicated that the model response was not sensitive to the flexor activation 
level for impact severities above 3g. This result was reasonable as only the extensors were antagonistic 
to the head impact response, and the lower strength of the flexors to the extensors (Figure 4-1). 
 
Figure 4-1: Different activation levels for the flexors with a constant activation level of 10% for 
the extensors in the 8g frontal impact. 
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For the lower impact severities, below 3g, flexor activation generated a significant contribution 
to the head impact global kinematic response (Figure 4-2). In addition, the extensor and flexor 
activation ratio with the best fit to the experimental data was 1:1 (NMA scheme) for lower impact 
accelerations, which is different from the one presented by the higher severity cases. 
 
Figure 4-2: Different activation levels for the flexors with a constant activation level of 10% for 
the extensors in the 2g frontal impact. 
4.1.2 Pre-optimization Study of Impact Kinematics 
The head-and-neck model was assessed for nine frontal impact severities and compared to the 
human volunteer data in a series of initial pre-optimization simulations. The pre-optimization study 
provided approximate activation values for each impact severity and served to identify the boundary 
values used in the optimization study (Table 4-1). 
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2 0.0 1.0 
3 0.0 1.0 
6 0.2 1.0 
8 0.2 1.0 
10 0.4 1.0 
12 0.4 1.0 
13 0.4 1.0 
14 0.6 1.0 
15 0.6 1.0 
 
The CMA was a single activation scheme, a subset of the cases considered, where the head 
remained in a neutral position when the muscles were activated with no external loading applied. This 
activation scheme presented a good correlation with the experimental data for all the severities 
reinforcing the startle activation hypothesis (Figure 4-3). As predicted, the NMA had a better 
correlation to lower severity impacts and the MMA had a better correlation with high severity impacts. 
The preliminary study also indicated a possible direct relation between impact acceleration and extensor 




Figure 4-3: Correlation rating to the experimental data for different muscle activation schemes 
for frontal impacts ranging from 2g to 15g. 
4.1.3 Frontal Impact Optimization Analysis 
The neck model muscle activation strategy was optimized for activation level and activation 
onset time for the frontal impact cases. A primary output of the optimization analysis was response 
surfaces showing the relationship between the two variables in relation to the experimental data, 
expressed as MSE. The response surfaces allowed for a more in-depth understanding of the relation 
between the two variables analyzed: activation level and onset time. It was observed that for 2g and 8g, 
the OMA was at the earliest activation onset time and that the shape of the surfaces indicated a better 




Figure 4-4: Response surfaces of X-displacement (left plot) and Y-rotational displacement (right 




Figure 4-5: Response surfaces of X-displacement (left plot) and Y-rotational displacement (right 
plot) for the 8g frontal impact optimization. The black dot represents the optimum response. 
However, for the 15g frontal impact, the optimum activation was at 77.85 ms onset time due 
to the influence of the head Y-rotation response (Figure 4-6). The X-displacement response indicated 
the same trend as the 2g and 8g acceleration, and a similar kinematic response for the model could still 
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be produced by lower onset times because of the small changes they generate in the average MSE for 
higher severity impacts. 
  
Figure 4-6: Response surfaces of X-displacement (left plot) and Y-rotational displacement (right 
plot) for the 15g frontal impact optimization. The black dot represents the optimum response. 
It was observed that the Y-rotational acceleration response was the most affected by the 
changes in the activation level and onset time, and carried the most weight in defining the OMA scheme 
followed by the X-acceleration (Figure 4-7). 
  
Figure 4-7: Response surfaces of the X-acceleration (left plot) and Y-rotational acceleration (right 
plot) for the 2g frontal impact optimization. The black dot represents the optimum response. 
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The global sensitivities of the model to each input variable were generated during the 
optimization process, reported as the percent contribution of each variable to the response. For each 
impact severity, the sensitivities followed a similar trend for all kinematics analyzed. It was observable 
that, for lower severities, the extensors activation magnitude contribution was the highest, but as the 
severity increased the onset time contribution also increased (Figure 4-8, Figure 4-9 and Figure 4-10). 
 
Figure 4-8: Influence of each optimization parameter in the Y-rotational displacement for the 2g 
frontal impact simulation. 
 
Figure 4-9: Influence of each optimization parameter in the Y-rotational displacement for the 
8g frontal impact simulation. 
 
Figure 4-10: Influence of each optimization parameter in the Y-rotational displacement for the 
15g frontal impact simulation. 
 
 65 
4.1.4 Optimized Frontal Impact Muscle Activation Parameters 
The optimization study was undertaken for each of the nine frontal impact severities to identify 
the specific extensor activation resulting in the highest correlation with the corresponding experimental 
result (Table 4-2).  
Table 4-2: Optimized extensor muscle activation level and activation onset time for each frontal 
impact case (flexors level at 100% and onset time at 74 ms). 
Impact severity (g) Extensors activation scaling Extensors onset time (ms) 
2 0.10 55.00 
3 0.10 55.00 
6 0.24 55.00 
8 0.19 55.00 
10 0.30 78.38 
12 0.33 68.63 
13 0.40 64.04 
14 0.58 81.10 
15 0.51 77.85 
 
The OMA schemes, as identified in the pre-optimization study, indicated that the extensors 
muscle activation increased with increasing impact severity. The increase in activation of the extensors 




Figure 4-11: Optimized extensor muscle activation level demonstrating increasing trend in 
activation with increasing frontal impact severity. 
All OMA onset times occurred at the lower limit of 55 ms for impact severities at or below 8g, 
indicating an earlier onset time was desired (Figure 4-12). However, the lower boundary was 
maintained at 55 ms, which was the lowest published value for measured activation time in humans. 
There was no observable trend for the OMA times for the higher severity impact cases, and the onset 
times ranged from 64 to 81 ms. This variation was attributed to the lower sensitivity of the high severity 




Figure 4-12: Optimized extensor muscle activation onset time. 
4.1.5 Correlation of Frontal Impact Kinematics with Experimental Data 
The correlation of the head center of mass kinematics using the OMA scheme with the 
volunteer data was higher than all other muscle activation schemes, for all severities investigated. The 
correlation analysis of the head kinematic response to the experimental data indicated an improvement 
of 23% of the CMA relative to the MMA scheme (from 0.561 to 0.691) (Figure 4-13). The OMA 
schemes provided an overall improvement of 35% in correlation to the activation scheme of the original 
model (0.561 to 0.755, respectively fair and good biofidelity according to ISO/TR9790) reaching a 




Figure 4-13: Correlation of muscle activation strategies to the experimental data for rear impacts 
ranging from 2g to 15g.  
The NMA case presented an average correlation rating close to the CMA mainly because of 
the 2g and 3g responses (Figure 4-13).  
4.2 Lateral Impact Muscle Activation Strategy and Comparison to 
Experimental Data 
4.2.1 Pre-optimization Study of Impact Kinematics 
The head-and-neck model was assessed for four lateral impact severities and compared to the 
human volunteer data. The lateral impact pre-optimization study indicated a relationship between 
impact acceleration and extensors activation level (Table 4-3), similar to the frontal impact study. It 



















2 0.0 0.0 0.0 0.0 
3 0.0 0.0 0.0 0.0 
6 0.2 1.0 0.2 1.0 
8 0.4 1.0 0.4 1.0 
 
The CMA presented a good correlation with the experimental data for the majority of the 
severities reinforcing the startle activation hypothesis. An alternative activation scheme, with right 
extensors and left flexors not activated while the left extensors were activated in 20% and the right 
flexors activated in 100%, presented a slight improvement in the correlation rating compared to the 
CMA scheme. 
The apparent important contribution of all the four muscle groups, with the added complexity 
of the possible different combinations of onset times, made it challenging to reduce the parameter 
boundaries of the optimization and, because of that, the same optimization range of the activation level 




Figure 4-14: Correlation to the experimental data for different muscle activation schemes for 
lateral impacts ranging from 4g to 7g. 
4.2.2 Lateral Impact Optimization Analysis 
The neck model muscle activation strategy was optimized for activation level and activation 
onset time for the lateral impact cases. A primary output of the optimization analysis was response 
surfaces (Figure 4-15); however, due to the number of variables and kinematics for each lateral impact 






Figure 4-15: Response surfaces of X-rotational displacement (A), X-rotational acceleration (B) 
Y-rotational displacement (C), Y-rotational acceleration (D), Z-rotational displacement (E), and 
Z-rotational acceleration (F) for left extensors in 3 iterations of the 4g frontal impact 
optimization. The black dot represents the optimum response. 
To further investigate the effect of activation magnitude and onset time on the resulting head 
kinematics, the global model sensitivities were generated during the optimization process. The 
sensitivity was quantified as the percent contribution of each variable to the response. This allows for 
a more in-depth understanding of the relation between the eight variables analyzed. It was observed 
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that for all responses the left extensors activation contribution was the highest for the Y-rotational 
displacement (Figure 4-16) and Y-rotational acceleration (Figure 4-17) in the 4g impact case. 
 
Figure 4-16: Influence of each optimization parameter on the Y-rotational displacement for the 




Figure 4-17: Influence of each optimization parameter on the Y-rotational acceleration for the 
4g lateral impact simulation 
  
Considering the X-rotational displacement (Figure 4-18) and X-rotational acceleration (Figure 
4-19), the sensitivity was much more complex, with many of the parameters having a strong influence 




Figure 4-18: Influence of each optimization parameter on the X-rotational displacement for the 
4g lateral impact simulation 
 
Figure 4-19: Influence of each optimization parameter on the X-rotational acceleration for the 
4g lateral impact simulation 
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4.2.3 Optimized Lateral Impact Parameters 
The optimization study was undertaken for each of the four lateral impact severities to identify 
the specific muscle activation resulting in the highest correlation with the corresponding experimental 
result (Table 4-4). 
Table 4-4: Optimized muscle activation level and onset time for each lateral impact severity 
Impact severity (g) 4 5 6 7 
Right extensors activation scaling 0.10 0.08 0.05 0.02 
Right flexors activation scaling 0.98 0.99 0.99 1.00 
Left extensors activation scaling 0.11 0.12 0.13 0.14 
Left flexors activation scaling 0.05 0.20 0.34 0.48 
Right extensors activation onset time 64.38 61.45 58.52 55.59 
Right flexors activation onset time 55.76 55.51 55.25 55.00 
Left extensors activation onset time 63.19 60.65 58.11 55.57 
Left flexors activation onset time 94.40 95.82 97.23 98.65 
 
The resulting optimized OMA schemes demonstrated low extensor activation for the range of 
impact accelerations considered in this study. In contrast, the right flexors were highly activated in all 
cases, while the left flexors activation increased with increasing in impact severity (Figure 4-20). The 
optimized activation times were within the physiologic range reported in the literature. The activation 
onset times of the right and left extensors decreased with impact severity (Figure 4-21); however, the 
optimized flexor activation onset times were relatively constant across the range of impact severities. 
The left flexor activation time was approximately 95 ms, while the right flexor activation time was 






Figure 4-20: Optimized muscle groups activation level trends in lateral impact severity 
 
Figure 4-21: Optimized muscle groups activation onset time trends in lateral impact severity 
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4.2.4 Correlation of Lateral Impact Kinematics with Experimental Data 
The correlation of the head center of mass kinematics with the lateral impact experimental data 
for the OMA scheme was higher than all other schemes for all severities simulated, as expected. The 
individually optimized OMA schemes provided an overall improvement of 25% in correlation relative 
to the MMA activation scheme (0.645 to 0.808, on average) corresponding to fair and good biofidelity 
according to ISO/TR9790. The maximum improvement in correlation was 46% for the optimized 4g 
lateral impact case. 
The correlation analysis of the head kinematic response to the experimental data indicated an 
average improvement of 17% for the Cocotraction Muscle Activation relative to the MMA scheme 
(0.645 to 0.753, on average) (Figure 4-22).  
 
Figure 4-22: Correlation of muscle activation strategies to the experimental data for lateral 
impacts ranging from 4g to 7g. 
The NMA (muscles not activated) case had an average correlation rating that was within 3% 
of the average correlation for the CMA. This small change was primarily associated with the higher 
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correlation of the lower severity cases and was similar to the trend observed in the frontal impact 
scenarios. 
4.3 Rear Impact Muscle Activation Strategy and Comparison to 
Experimental Data 
4.3.1 Kinematic Sensitivity to Flexor Activation Onset Time 
A series of initial simulations were undertaken to develop an understanding of the sensitivity 
of the model to the flexor activation onset time varying from 55 ms to 74 ms. In this set of initial 
simulations, the extensor muscles had a constant low activation level (20%). The results identified that 
the model response presented a small sensitivity to the flexor onset time. This result was in agreement 
with what was observed in the lateral and frontal impact cases, where the change in onset times inside 
the range presented in the literature (55 to 99 ms) generated relatively small changes in the global 




Figure 4-23: Y-rotational displacement of the head center of gravity for different flexor activation 
onset times, with a constant activation level of 20% for the extensors in the 3g rear impact. 
4.3.2 Pre-optimization Study of Impact Kinematics 
The head-and-neck model was assessed for the two rear impact severities and compared to the 
human volunteer data in a set of pre-optimization simulations. The initial parametric study provided 
approximate activation values for each impact severity (Table 4-5), but the limited number of 
accelerations tested did not permit an in-depth analysis of the muscle activation through different 
severities. 
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The NMA strategy demonstrated the highest correlation rating to the experimental data, while 
the CMA strategy presented similar values. 
4.3.3 Rear Impact Optimization Analysis 
The neck model muscle activation strategy was optimized for activation level and activation 
onset time for the two rear impact cases. A primary output of the optimization analysis was response 
surfaces. In the rear impact scenarios, the X-displacement and Y-rotation were investigated as the 
primary kinematics and demonstrated similar MSE responses (Figure 4-24).  
  
Figure 4-24: Response surfaces of the X-displacement (left plot) and Y-rotational displacement 
(right plot) for the 3g rear impact optimization. The black dot represents the optimum response. 
 The global sensitivities were generated during the optimization process measuring the percent 
contribution of each variable to the response was calculated (Figure 4-25). It was noted that the extensor 
muscles had a low contribution to the overall response (10%), compared to the flexors (90%). The 




Figure 4-25: Influence of each optimization parameter in the Y-rotational displacement for the 
3g rear impact simulation. 
4.3.4 Optimized Rear Impact Parameters 
The final optimization study was undertaken for each of the two rear impact severities to 
identify the specific flexor activation resulting in the highest correlation with the corresponding 
experimental result (Table 4-6).  
Table 4-6: Optimized extensor muscle activation level for the two rear impact cases (activation 
onset times at 74 ms). 
Impact severity (g) Extensors activation scaling Flexors activation scaling 
3 0.00 1.00 
4 0.00 1.00 
 
For the constraints applied to the rear impact scenario, the OMA maximized the flexors 
activation at 100% and minimized the extensors activation (0%), which generated maximum resistance 
of the head to the movement rearwards in the rear impact. The OMA scheme improved the predicted 
displacement responses of the head as expected but did not provide the best global response since it 
was not optimized for acceleration. This outcome indicates the importance of making rotational 
acceleration from experiments available for use in the optimizations. 
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4.3.5 Correlation of Rear Impact Kinematics with Experimental Data  
The correlation of the head center of mass kinematics with the rear impact experimental data 
for the OMA scheme was similar to all the other schemes for all severities simulated. The MMA scheme 
for the 3g impact demonstrated a lower correlation due to the activation of the extensors. 
The correlation analysis of the head kinematic response to the experimental data indicated an 
improvement of 7% of the CMA relative to the MMA scheme (from 0.699 to 0.743, on average) (Figure 
4-26). The OMA schemes provided an overall improvement of 4% in correlation to the MMA scheme 
(0.699 to 0.721, on average), resulting in a rating of fair biofidelity according to ISO/TR9790). The 
maximum individual improvement was 18% for the NMA compared to the MMA in the 3g impact 
case. 
 
Figure 4-26: Correlation of muscle activation strategies to the experimental data for rear impacts 
ranging from 3g to 4g.  
The NMA (muscles not activated) strategy presented the best correlation to the experimental 
data similar to the lower severities in frontal and lateral impacts. Due to the limited amount of impact 
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severities available from the literature for the rear impact scenario it was not possible to identify if this 




Chapter 5: Discussion 
5.1 Muscle Activation in Frontal Impact Scenarios 
Rising interest to develop active safety systems in the automotive industry has increased the 
need for improved understanding of the physiological response of the human body under a range of 
impact scenarios, from low severity sudden stops in autonomous braking to high severity frontal 
impacts. The current study investigated muscle activation levels for a FE head-and-neck model in a 
contemporary HBM using human volunteer test data over a range of frontal impact severities. 
Moreover, this was the first study to optimize muscle activation levels and onset times for a broad range 
of frontal impact severities. 
The optimization method for the muscle activation presented in this study for frontal impact 
improved the correlation of the kinematic response of the model with the experimental data for all 
severities. The OMA strategy increased the correlation (0.755), across all impact severities examined 
on average, by 35% relative to the MMA strategy (0.561), increasing the correlation from fair to good 
biofidelity according to ISO/TR9790. The maximum improvement in correlation was 103% for the 
optimized 3g impact case. The early onset times of the optimized responses relative to the MMA may 
be attributed to muscle tonus prior to impact in the human volunteer experiments that were not present 
in the current GHBMC neck model. 
The extensors were activated earlier than the flexors for the OMA, which is in agreement with 
the literature (Foust et al., 1973). However, it could be argued that the time between onset and the peak 
activation was simplified, with the same time used for all muscle groups. Measurements from rear sled 
impacts with human volunteers (Magnusson et al., 1998) indicated that the muscle activation curves 
may differ for different muscles, and this may affect the optimum activation times. However, the low 
sensitivity of the head kinematics to flexor activation during the impacts suggests that this 
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simplification was reasonable for the present study. The lower sensitivity of the head kinematics for 
medium and high severity frontal impacts is explained by the lower force produced by the flexors in 
relation to the extensors, and the fact they are inserted in regions of the neck with a low or negative 
contribution to resisting to forward motion of the head. The force produced by the muscles is 
proportional to their volume, where the flexors represent 22% and the extensors 78% of the total muscle 
volume in the neck, which results in the much higher sensitivity of the head kinematics to the extensors.   
Considering experimental data from low severity (1g) impact experiments (Hedenstierna et al., 
2009), the maximum voluntary contraction of the trapezius in low severity experiments was 10%. This 
activation level was similar to the OMA for the extensors in the 2g and 3g impacts.  The fixed activation 
of the flexors of 100% in the present model (MMA and CMA) was much higher than the 40% 
normalized electromyography level presented in the literature (Hedenstierna et al., 2009), but the flexor 
muscles did not strongly affect the head kinematics for the higher severity impacts (>3g). For these 
lower severities impacts, the NMA scheme presented a similar correlation to the optimized case, which 
may indicate that other soft tissues (adipose tissue and skin) present in the model are too stiff and 
produce increased resistance to the forward movement of the head, effectively decreasing the required 
activation levels. Future research will continue to investigate the effect of skin and adipose tissue on 
low severity impact response. 
Another low severity frontal impact (1.4g) study with volunteers presented a peak normalized 
EMG of 78%, and an average of  20% for the extensors and a peak normalized EMG of 28% and an 
average of  5% for the flexors (Kumar et al., 2003). The study results differed from the present work as 
well as other published human volunteer tests (Hedenstierna et al., 2009). The differences in the Kumar 
study could be attributed to non-unique muscle activation schemes for frontal impacts as well as the 
surface electrode methodology used, which may differ from indwelling electrodes.  
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The extensor activation level (10%) for 2g and 3g impacts of the simulated OMA was similar 
to the activation levels reported for the trapezius (0 to 8.5% activation) in the optimization of the 
muscles for a co-activation isometric contraction of the head (Mortensen et al., 2018). Also, in the same 
study, the activation ratio between flexors and extensors were similar to the OMA for lower impact 
severities. However, the model used in the study by Mortensen was simplified and generated lower 
moments in flexion compared to experimental data. A study on diverse activation schemes for 
computational models (Dibb et al., 2013) optimized 21 neck muscles to an isometric contraction using 
different strategies and was higher than the activation magnitude of the flexors. The muscle activation 
schemes may also be non-unique, requiring more detailed experimental data of different muscles in 
impact situations. The resulting head kinematics presented similar values to the experimental sled tests. 
The discrepancies in activation magnitudes between the studies may be related to the different 
optimization methodologies, model complexities, and level of discretization of the muscle groups. The 
model was also run with the NMA scheme resulting in an overall correlation of 0.651. Although this 
correlation was higher than the MMA, some muscle activation is always present in a living person; 
therefore, this was not considered an improved overall activation strategy for the model.  
Considering the hard tissues in the neck model, the C6 and C7 maximum strain levels predicted 
for the NMA and CMA cases exceeded the critical strain threshold for trabecular (9.5%) and cortical 
bone (1.78%) of the vertebrae, which results in erosion of affected elements, indicating the potential 
for tissue failure for the higher severity cases (>12g) (Figure 5-1). Partial failure was also predicted in 
the interspinous ligaments from C4 to C7 in the higher severity cases but could be associated with the 




Figure 5-1: Predicted trabecular bone failure (purple) in C6 for the 15g frontal impact. 
The OMA schemes were, on average, just 6% better correlated to the kinematic data than the 
CMA (Figure 5-2), which may indicate that two mechanisms are acting in the neck during the crash: 
(1) an almost constant response (CMA) with higher contribution to the kinematics and (2) an activation 
related to the magnitude of the head acceleration with a lower contribution to the kinematics. These 
inferences are in agreement with the literature (Happee et al., 2017), which shows that there are two 
main mechanisms related to neck stabilization, the vestibulocollic and cervicocollic reflex. However, 
the contribution of these two mechanisms is almost the same in that study, which could be attributed to 
the slower accelerations compared to the ones from the impacts that were used. The optimized scheme 
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could help guide future research on activation strategies for frontal impact scenarios while providing 
an improved kinematic response for the current model. 
 
Figure 5-2: Maximum flexion of the model during the 8g front impact (blue line) for MMA (A), 
CMA (B) and OMA (C). The average maximum head rotation of the 8g sled test is presented as 
black lines.  
Another contribution of this study is the deeper comprehension of the parameters affecting the 
impact response and how they should be handled during the development of closed-loop or open-loop 
motor control for muscle activation. For example, the results indicate that the flexors have little effect 
on the neck kinematic response in high severity frontal impacts, which was expected as this muscle 
group cannot generate forces counteracting the forward motion of the head.  
The improved overall correlation rating with the experimental data of the CMA scheme agrees 
with the initial hypothesis that a single activation scheme, during frontal impacts, could be used to 
obtain a head kinematic response with a good correlation to the experimental data. 
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5.2 Muscle Activation in Lateral Impact Scenarios 
The optimization method presented in this study for the OMA muscle activation in lateral 
impact improved the correlation of the kinematic response of the model (0.809) with the experimental 
data by 27% on average for all impact severities, relative to the original MMA strategy (0.644). This 
improvement resulted in the model response improving from fair to good biofidelity according to 
ISO/TR9790 ratings. The maximum improvement was 46% for the optimized 4g lateral impact case. 
As the impact severity increased, the optimized OMA onset times decreased for the extensors and right 
flexors and increased for the left flexors. The early onset time of the extensors was observed in 
volunteer rear impact tests (Foust et al., 1973) and, for low severity lateral left impacts, the muscles in 
the same (left) side of the impact had their activation onset times reduced, while the contralateral 
muscles had their activation increased with increasing impact severity (Kumar et al., 2004b). However, 
another right-side impact test by the same authors presented a decrease of all muscle onset times with 
increasing impact severity (Kumar et al., 2004a). From this data, the optimized right extensors and 
flexors agreed with the literature for the right-side impact case investigated, but further analysis is still 
required to verify if the left extensors and flexors are in agreement with the experimental results. 
When no muscle was activated, the head moved in the antero-right direction was as observed 
in the experiments. For the OMA activation scenario, the resulting head kinematics were the most 
sensitive to the left extensors parameters for the OMA as this is the antagonist muscle group to the 
movement (Figure 5-3). The head kinematics had a low sensitivity to the flexor muscle activation, 
similar to what was observed in the frontal impact, attributed to the lower force generated by these 
muscle groups. The sensitivity of the kinematics for the right extensors, even with their higher volume 
and stronger force, was low, indicating that the parameters of the muscle groups that are not relevant 
antagonists to the movement in high severity impacts did not significantly affect the head displacement 




Figure 5-3: Head position after 250 ms in the 7g lateral right side-impact (head X-rotational 
displacement of the model in blue) for the MMA (A) and the OMA (B). The average head X-
rotational displacement of the 7g sled test after 250 ms is presented as black lines. 
Considering experimental data from low severity (1g) impact experiments (Hedenstierna et al., 
2009), the measured activation using electromyography was 25% of the maximum voluntary 
contraction in the trapezius (Hedenstierna et al., 2009). Similarly, the CMA included a 20% activation 
for the extensors.  The flexors activation for the CMA parameters was 100%, which was higher than 
the 84% normalized electromyography level presented in the literature (Hedenstierna et al., 2009), but 
indicates that the assumption of a Cocontraction mechanism with higher activated flexors is plausible. 
As suggested for the frontal impact scenarios, the difference in magnitude between the CMA and OMA 
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activate schemes may be, in part, due to the stiffness of the passive muscle, skin and adipose tissue in 
the computational model. These tissues have been reported to be overly stiff at low deformation rates. 
Another low severity (1.3g) lateral impact study with volunteers presented a peak normalized 
EMG of 59% and an average of  20% for the extensors, and a peak normalized EMG of 61% and an 
average of  5% for the flexors (Kumar et al., 2004b). The OMA activation in this study was in agreement 
with the average activation of the flexors presented in the experimental study. The OMA left flexors in 
the simulations, as well as the average extensors activation, were similar to the study by Kumar et al. 
(Kumar et al., 2004b), but differed from Hedenstierna et al. (Hedenstierna et al., 2009) work and the 
simulated OMA right flexors. The differences in the Kumar et al. study could be attributed to non-
unique muscle activation schemes for lateral impacts as well as the surface electrode methodology, 
which may differ from results reported for indwelling electrodes. 
The increased complexity of the lateral impact kinematics and muscle activation, relative to the 
frontal impact scenarios, makes it challenging to assert that a simple CMA ratio between flexors and 
extensors represents the real response of the muscles during lateral impact. Notwithstanding, the CMA 
strategy presented good correlations with the experiments suggesting that this constant ratio may be 
intrinsic to the head-neck reflex mechanism. 
The model was also run with the NMA scheme resulting in an overall correlation of 0.776. The 
NMA correlation was higher than the MMA and similar to the CMA correlation of 0.753, indicating 
that the ratio between extensors and flexors may be more relevant to the head global kinematics than 
the specific activation magnitude of the muscles. 
Considering the hard tissues in the neck model, the odontoid process and C6 maximum strain 
levels for the trabecular and cortical bone of the vertebra exceeded the threshold values for the GHBMC 
model in the 7g lateral impact when using the NMA and CMA muscle activation strategies. These high 
strains indicated the potential for hard tissue failure for the highest severity case (7g). In addition, failure 
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was also predicted to occur in the capsular ligaments at C6-C7 for the 7g lateral impact. Hard tissue 
failures or ligament damage were not reported in the NBDL volunteer tests. However, the bone failure 
for the MMA affected a larger area and also included C3 and C4 when compared to the CMA, indicating 
the improvement in the biofidelity of lower muscle activation in the CMA strategy. In general, the 
predicted bone failures were localized within the model and did not suggest the presence of large scale 
traumatic fracture of the hard tissues. 
 
Figure 5-4: Predicted odontoid process and C6 trabecular bone failure (purple) in the 7g lateral 
impact. 
The OMA schemes were, on average, just 7.9% better correlated to the kinematic data than the 
CMA, which is similar to what was found for frontal activation and may indicate that two mechanisms 
are acting in the neck during the crash: the CMA and an activation related to the magnitude of the head 
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acceleration. Again, these inferences are in agreement with the literature (Happee et al., 2017), which 
shows that there are two main mechanisms related to neck stabilization, the vestibulocollic and 
cervicocollic reflex. The optimized scheme could help guide future research on activation strategies for 
lateral impact scenarios while providing an improved kinematic response for the current model. 
The improved overall correlation rating of the CMA strategy with the experimental data agrees 
with the initial hypothesis that a single activation scheme, during lateral impacts, could be used to 
obtain a head kinematic response with a good correlation to the experimental data. 
5.3 Muscle Activation in Rear Impact Scenarios 
The optimization method presented in this study for the OMA muscle activation in rear impact 
improved the correlation of the kinematic response of the model (0.721) with the experimental data on 
average by 4% on average, relative to the MMA strategy (0.699). Both strategies were rated as good in 
terms of biofidelity according to ISO/TR9790. The maximum improvement was 17% for the optimized 
3g impact case relative to the MMA. For the rear impact, the optimization did not generate the best-
correlated kinematics, and this was attributed to the simplifications applied in the optimization strategy. 
In particular, the Y-rotational acceleration was not used in the optimization as it was not recorded during 
the volunteer experiments and deriving it from the displacement would generate not reliable data due 
to the large error propagation.  The importance of Y-rotational acceleration suggests the importance of 
using the acceleration curves along with the displacements for muscle activation scheme optimization. 
In addition, the onset times were not optimized in the rear impact since the head kinematics presented 
low sensitivity to that parameter. 
The lower sensitivity of the head kinematics for the rear impacts to muscle activity may be 
explained by the lower force produced by the flexor muscle group, which did not contribute to the head 
kinematics. The force produced by the muscles is proportional to their PCSA, which resulted in the 
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much higher sensitivity of the head kinematics to the extensors even though they are not antagonists to 
the movement in the rear impact. 
Considering experimental data from low severity (1g) impact experiments (Hedenstierna et al., 
2009), the measured activation using electromyography was 6% of the maximum voluntary contraction 
in the trapezius muscles. This result supports the low activation identified for the OMA, and the good 
correspondence with the NMA strategies. The flexors activation was 100% in the OMA and CMA, 
while the literature study reported 40% of the maximum voluntary contraction from the normalized 
electromyography data (Hedenstierna et al., 2009). 
Another low severity (1.4g) frontal impact study with volunteers presented a peak normalized 
EMG of 33% and an average of 10% for the trapezius, and a peak normalized EMG of 113% and an 
average of 18% for the flexors (Kumar et al., 2002). The OMA activation in this study and values 
presented in other studies (Hedenstierna et al., 2009) differed from those presented by Kumar et al. In 
general, there were noticeable differences between activation of the flexors and extensors reported in 
the literature as well as compared to the OMA strategy, suggesting further research is needed in this 
area. The MMA presented a lower correlation to the experiments, compared to the other strategies, for 
the 3g rear impact but presented a similar correlation for the 4g rear impact (Figure 5-5). This result 
suggests that, as the impact severity increases from 3 to 4g, the sensitivity of the response to extensors 
activation is reduced and may extend to higher accelerations. As only two accelerations were available 




Figure 5-5: Maximum angular displacement of the head for the MMA 3g rear impact (A), OMA 
3g rear impact (B), MMA 4g rear impact (C), and OMA 4g rear impact (D). 
The model was also run with the NMA scheme resulting in an overall correlation of 0.744 with 
the experimental data. Although this correlation was similar to the other schemes, some muscle 
activation is always expected in a living person; therefore, it was hypothesized that the NMA does not 
represent the muscle activation levels present in the volunteers. This was also supported by 
experimental studies where EMG measurements were reported for the muscles in the neck. 
Considering the hard tissues in the neck model, in contrast to the frontal and lateral impacts, 
the strain levels of the trabecular and cortical bone of the vertebrae did not reach threshold values and 
therefore no hard tissue fracture was predicted. In addition, no failure was predicted for the ligaments 
during the rear impacts. These results indicating no hard or soft tissue failure were in accordance with 
the volunteer tests.  
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The OMA schemes, on average and for each impact severity, presented the similar correlation 
values to the NMA and CMA schemes. Although this result indicates that the CMA can be used in the 
rear impacts to obtain improved global head kinematics similarly to the frontal and lateral cases, it does 
not clarify if the same two reflex mechanisms proposed for frontal and lateral are applicable to muscle 
activation in rear impacts. One limitation of the rear impact simulations was the small number of impact 
severities investigated. The similar correlation between activation schemes could indicate that the 
muscles resisting the movement, mainly the flexors, did not produce enough force to alter head 
kinematics. Again, this result points to the importance of the difference in muscle volume between 
flexor and extensor muscles, and therefore the force generated during impacts. 
Another contribution of this study is the evidence that rear impacts may not be ideal for the 
development and validation of motor control for muscle activation schemes due to the low sensitivity 
of the global head kinematics to the variations of magnitude of muscle activation. 
The improved overall correlation rating with the experimental data of the CMA scheme agrees 
with the initial hypothesis that a single activation scheme, during rear impacts, could be used to obtain 
a head kinematic response with a good correlation to the experimental data. 
5.4 Cocontraction or Startle Muscle Activation Scheme 
The startle reflex, as experimental data have shown, is evoked by significant and unexpected 
tactile, acoustic, or vestibular stimuli (Yeomans et al., 2002). The reflex initiated after an acoustic 
stimulus generated evidence that the startle mechanism could be the result of a combination of an initial 
generalized neck muscle activation and an alternative later activation mechanism (Siegmund et al., 
2001b). The proposed CMA scheme, representing the startle reflex, and corresponding head kinematics 
presented a good correlation to all severities in frontal, lateral and rear impacts, reinforcing the 
hypothesis that a generalized muscle activation from the startle reflex is present during unanticipated 
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impacts. Also, the OMA scheme kinematics presented only a slightly higher correlation to the 
experimental data than the CMA, indicating that the CMA captures a large aspect of the active muscle 
response. Also, the increasing extensors activation of the OMA when the impact severity increases 
could be attributed to the alternative later activation mechanism observed by Siegmund et al., 2001b.  
The startle activation is not the only possible mechanism related to the head-neck reflex in 
impacts. The vestibulocollic and cerviculocollic reflex could also explain the two different mechanisms 
presented in simulated muscle activation, as described in Section 5.2. As the NBDL data does not 
contain information on successive sled impacts with the same subjects and the impacts were not 
expected by the volunteers, a further distinction between the startle and the other reflexes is not 
possible. Further studies are necessary to correlate the constant CMA to one specific mechanism. 
5.5 Study Limitations 
Future studies should consider the potential impact due to subject variability as the current 
study only optimized muscle activation to the average subject response. Another limitation of this study 
was that the muscles were divided into only two groups, and each group had all the bulk elements 
activated in the same manner. This was an oversimplification of the problem; muscles in the same group 
do not necessarily activate similarly, and muscles may not act exclusively in one group during neck 
movements. However, as the improved correlation score shows, the hypothesis that the response of the 
muscle groups is dominated by the strongest muscles (sternocleidomastoid and trapezius) is reasonable 
for global kinematic studies. 
Another possibility of improvement in the muscle activation strategy may include investigation 
of the local intervertebral joints Y-rotation. During the rear impact simulations, the characteristic S-
shape curvature of the neck observed in whiplash injury was not reproduced by the model. As expected, 
this is an indication that to obtain accurate localized stresses and strains in the neck tissues, an analysis 
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that observes individual vertebrae kinematics is necessary, in addition to the head kinematics. However, 
due to the scarcity of EMG data for higher impact severities and challenges in defining the magnitude 
of the muscle activation using currently available techniques, indirect methods, such as the one 
presented in this work, could guide future development of HBM to obtain reasonable global kinematics 
and help elucidate the muscle reflex mechanisms acting in impact situations. 
 
Figure 5-6: Idealized curvature of the spine during a rear impact (top) and simulated result for 
the CMA 4g rear impact (bottom). (Adapted from (Stemper and Corner, 2016)) 
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The S-shape curvature of the spine was not observed in the GHBMC model during rear impacts 
and was attributed to a reduction in shear between the vertebrae. This was possibly related to the 
relatively high stiffness of the skin and adipose tissue used in the model compared to that of human 
tissues. The effect of material properties of these soft tissues in relation to muscle activation is the 
object of future work. 
It is important to note that different optimization methodologies could arrive at different muscle 
activations. As the optimization presented in this work was simplified to a linear problem, the objectives 
converged in all cases, but this may not be the case if other more sensitive methods were applied.  
5.6 Significance and Impact of the Study 
HBMs provide an opportunity to predict the potential for injury risk and vehicle occupant 
response in impact events (Barker et al., 2017). Muscle contraction may be important for predicting 
injury risk and pre-crash intervention kinematic response, for example, during autonomous braking 
(Ólafsdóttir et al., 2013; Östh et al., 2015).  
This study was the first to optimize muscle activation schemes of the neck to a wide range of 
frontal, lateral and rear impacts confirming a hypothesis that a unique scheme was capable of generating 
head kinematics with a good correlation with the experimental data to all impacts. This unique CMA 
scheme was used to improve the GHBMC M-50 model head kinematic response. Further, the 
methodology presented in this thesis could be used as a guideline to improve muscle activation schemes 
in other HBM. The open-loop activation schemes and analysis established could be used as a frame of 
reference in the future development of closed-loop controls for the cervical muscles in impact scenarios 
and could be used to help identify the mechanism acting in crash scenarios. 
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Chapter 6: Conclusions 
The current study investigated neck muscle activation levels for human volunteer tests over a 
range of frontal, lateral and rear impact severities using a detailed FE head-and-neck model from a 
contemporary HBM. This was the first study to optimize muscle activation levels and onset times for a 
broad range of impact severities and directions.  
The findings of this study provide new insight into the role of muscle activation on the frontal, 
lateral and rear impact kinematic response of the head and neck. The individual OMA schemes provided 
an optimized trajectory-based activation scheme for the GHBMC M50 HBM; however, this scheme is 
dependent on the impact severity and impact direction. These results could be used to further elucidate 
the influence of muscle activation and onset time of the flexors and extensors in head kinematics for 
other impact scenarios. In contrast, the single cocontraction muscle activation strategy presented a good 
correlation with all frontal, lateral and rear impact tests confirming the initial hypothesis that a single 
unique activation scheme could be used to achieve good correlated global head kinematics with the 
experimental data. It is important to note that the rear impacts were less sensitive to the muscle 
activation schemes compared to frontal and lateral impacts. This lower sensitivity in rear impact could 
be attributed to the weaker flexors, which were antagonistic to the head movement. 
A more focused analysis is necessary to define if the constant muscle activation component is 
related to the startle reflex or the vestibulocollic and cervicocollic reflexes. The head kinematics during 
the impacts were more sensitive to the activation magnitude of the extensors than the one of the flexors, 
even in the rear impact, in which that muscle group did not act antagonistically to the movement. This 
result indicated that the strength difference between the two muscle groups is potentially quite large; 
the extensors could exhibit a much lower activation level than the flexors to stabilize the neck for 
example.     
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In conclusion, new schemes and understanding of neck musculature activation during impact 
developed in this thesis could be used as a foundation to improve muscle activation schemes to better 
predict injury risk using contemporary HBM. Future work should continue to improve effective 
generalization of the muscle activation schemes through the development of closed-loop controls for 
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Figure 6-1: Head center of gravity kinematics for the 2g frontal impact in the global coordinate 






Figure 6-2: Head center of gravity kinematics for the 3g frontal impact in the global coordinate 






Figure 6-3: Head center of gravity kinematics for the 6g frontal impact in the global coordinate 






Figure 6-4: Head center of gravity kinematics for the 8g frontal impact in the global coordinate 






Figure 6-5: Head center of gravity kinematics for the 10g frontal impact in the global coordinate 






Figure 6-6: Head center of gravity kinematics for the 12g frontal impact in the global coordinate 






Figure 6-7: Head center of gravity kinematics for the 13g frontal impact in the global coordinate 






Figure 6-8: Head center of gravity kinematics for the 14g frontal impact in the global coordinate 






Figure 6-9: Head center of gravity kinematics for the 15g frontal impact in the global coordinate 






































Figure 6-14: Head center of gravity kinematics for the 3g rear impact in the global coordinate 






Figure 6-15: Head center of gravity kinematics for the 4g rear impact in the global coordinate system 
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